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Gamma Ray Detector for Positron Emission Tomography (PET) and Single Photon 
Emmision Computed Tomography (SPECT) 

The invention relates to position and energy sensitive gamma ray detectors and a method to 
5 determine the points of interaction of gamma rays with such gamma ray detectors, particularly 
to gamma ray detectors for Positron Emission Tomography (PET) and Single Photo Emission 
Computed Tomography (SPECT). 

Background of the invention 

In recent years Positron Emission Tomographs (PET) have become an increasingly important 
diagnostic tool in medicine as well as in biology. 

Positron Emission Tomographs provide quantitative measurements on the metabolism of in- 
1 5 ternal organs and their biochemistry by in vivo measuring specific activities of positron emit- 
ting radio-nuclides. The most commonly used radio-nuclide is the isotope 18 F in fluorodeoxy- 
glucose (FDG). Over the last 20 years a continuous development of PET scanners have dem- 
onstrated a tremendous potential for cancer diagnosis and treatment 

20 Conventional PET systems in use for medical application employ gamma detectors consisting 
of several stacked rings of scintillator crystals to obtain a volumetric image. In 2D PET de- 
signs the rings are separated by tungsten septa to suppress Compton scattered photons coming 
from other parts of the body. Only coincidences of opposite crystals within the ring or neigh- 
bored rings are recorded. In 3D designs the septa are suppressed to increase the detection effi- 

25 ciency and coincidences of crystals from all rings are registered. 

In the conventional PET systems, scintillator crystals, usually BGO (Bismuth Germanate) 
blocks of 2 x 2" cross section are radially oriented and read out by four standard l" photomul- 
tiplier tubes (PMT). These photomultiplier tubes are not position sensitive. More recently also 
30 LSO (Lutetium Oxyorthosilicate)crystals have been used. The radial length of the crystals 
corresponds to about three attenuation lengths, leading to a probability of interaction of 95% 
of the gamma quanta of 511 keV. In some designs equidistant crossed slots segment the scin- 
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tillator blocks over a large fraction of their length into sub-crystals. This results in a better 
resolution of the projected photo-conversion point from the interpolated charge signals of the 
photomultiplier tubes. The radial coordinate, i.e. the depth of interaction, is however not de- 
termined, leading to a degraded reconstruction precision due to parallax errors. 

The parallax error problem, inherent to the above described detected geometry, has recently 
been addressed in several developments: 

In a first approach called PHOSWICH (or sometimes PHOSWITCH) two or more blocks of 
different scintillator material with different delay time constant are piled up in radial direc- 
tion. The time information, i.e. the width of the signal, is converted into a radial coordinate. 
Nevertheless the resolution achievable for the radial coordinate is still poor. For conventional 
PET in use a full width at half maximum (FWHM) parallax error of 15 mm is known. For 
new developments not yet implemented beyond proof of principle FWHM of 6 to 15 mm has 
been disclosed (J. S. Huber, W. W. Moses, M. S. Andreaco and O. Petterson, IEEE pro- 
ceedigs 2000). 

A different approach uses detector stacks of several layers of 2D photon detectors to give a 
3D device. Yet another approach uses the asymmetry in the light detected on two opposite 
sides of the crystal to determine the point of interaction within a crystal to arrive at the radial 
coordinate. Detectors according to the last approach given have been built using a matrix of 
LSO crystals readout on one side by an array of PIN photodiodes and on the opposite side by 
conventional photomultiplier tube (PMT). Other types of detector combinations on both sides 
of the crystal matrix have been used. However, all of these combinations exhibits intrinsic 
limitations such as pixel size, number of pixels, surface coverage, energy resolution, gain uni- 
formity, which compromise the final performance of the PET scanner or its individual detec- 
tor modules. 

Invention 



It is an object of the present invention to provide an improved gamma ray detector, particu- 
larly for Positron Emission Tomography (PET) and Single Photo Emission Computed To- 
mography (SPECT), with improved sensitivity and improved spatial resolution for reducing 
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or eliminating parallax errors in Positron Emission Tomography and as second detector in a 
SPECT Compton camera with improved spatial resolution and negligible parallax error. 

According to a first aspect of the invention a detector module for a Positron Emission Tomo- 
5 graph (PET) is provided, said detector module comprising a matrix of scintillator crystals, 
said matrix having a first side and a second side opposite to said first side, each scintillator 
crystal having a first end and a second end, said scintillator crystals being oriented parallel to 
each other, whereby said first end and said second end of each of said scintillator crystals co- 
incide with said first side and said second side of said matrix, respectively; a first light sensi- 

10 five detector producing an electrical signal proportional to the amount of light detected, being 
optically connected to said first side of said matrix, said first light sensitive detector being 
. position sensitive; and a second light sensitive detector producing an electrical signal propor- 
tional to the amount of light detected, said second light sensitive detector being optically con- 
nected to said second side of said matrix characterized in that said second light sensitive de- 

15 tector is position sensitive. 

The disclosed detector module offers the capability to reconstruct the point of interaction of a 
gamma ray with said detector module in 3D-space with high precision. Furthermore, the point 
of interaction for gamma photons undergoing a Compton scattering prior to a photo effect 
20 absorption within the detector module can be determined at a similar precision. Thereby the 
total sensitivity of said detector modules is enhanced. 

According to a second aspect of the invention a Positron Emission Tomograph (PET) scanner 
comprising a number of gamma detector modules is disclosed, whereby said gamma detector 

25 modules each comprise a detector module comprising a matrix of scintillator crystals, each 
scintillator crystal having a first and a second end, said scintillator crystals being oriented par- 
allel to each other such that all midpoints of said scintillator crystals lie in one plane; a first 
light sensitive detector and a second light sensitive detector, each of said light sensitive de- 
tectors produces an output signal proportional to the amount of light detected and is position 

30 sensitive; said number of gamma detector modules are regularly angularly spaced on a first 
and a second circle around an axis of said scanner and oriented such, that all midpoints of said 
scintillator crystals of said detector modules lie in a symmetry plane perpendicular to said 
axis, whereby the spacing and distribution of said detector modules on said first and said sec- 
ond circle is such, that there is practically a full azimuthal coverage. 
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A Positron Emission Tomograph scanner according to the present invention is superior to 
Positron Emission Tomograph scanners of the art in that it provides a parallax free recon- 
struction of the point of gamma ray emission within the scanner. Further the sensitivity of the 
5 scanner is drastically increased by the fact, that events can be used in the reconstruction of the 
gamma ray emission process, in which one or both gamma rays being produced in the anni- 
hilation undergo a Compton scattering in one of said detector modules prior to being absorbed 
by photo effect in said one of said detector modules. The present invention discloses a com- 
pact Positron Emission Tomograph (PET) scanner that can be build cost effectively. 

10 

According to a third aspect of the invention a method for detecting the point of interaction of 
a gamma ray within a detector module is provided, said method comprising a matrix of scin- 
tillator crystals, each scintillator crystal having a first end and a second end, said scintillator 
crystals being oriented parallel to each other such that all midpoints of said scintillator crys- 

15 tals lie in a plane; a first light sensitive detector and a second light sensitive detector, each of 
said light sensitive detectors produces an output signal proportional to the amount of light 
detected and is position sensitive; said detector module having a coordinate system associated 
with, whereby two linear independent coordinate axis x and y span a xy-plane coinciding with 
said plane defined by said midpoints of said scintillator crystals and a third coordinate axis z 

20 is oriented perpendicular to said plane, whereby an origin of the coordinate system lies in the 
xy-plane and a positive direction of the coordinate axis z points to said first light sensitive 
detector, said method comprising the steps determining the coordinates of said point of inter- 
action in said xy-plane by identifying a first scintillator crystal being hit and using the known 
coordinates of said first scintillator crystal being hit in said xy-plain; determining the coordi- 

25 nate of said point of interaction in said direction perpendicular to said xy-plane by determin- 
ing an amount of charge Ql detected in said first light sensitive detector and an amount of 
charge Q2 detected in said second light sensitive detector within a coincidence time interval, 
where the coordinate z is given by z=l/2 • [X (lnQi-inQ 2 ) + L], where L is the length of said 
scintillator crystal hit along a direction of said coordinate z. 

30 

This method enables one to determine the point of interaction of a gamma ray within a 
gamma detector very precisely in all three coordinates of a three dimensional coordinate sys- 
tem. The determination of the point of interaction does not involve difficult or time consum- 
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ing calculations. Therefore the determination of the point of interaction is fast which offers 
the possibility to use this method in detectors being exposed to high count rates. 

According to a fourth aspect of the invention a Single Photon Emission Computed Tomogra- 
5 phy (SPECT) detector is disclosed comprising a photon detector in which said photon detec- 
tor is a detector module for a Positron Emission Tomograph according to aspect one of the 
invention. 

A SPECT detector according to the present invention offers a greatly enhanced resolution and 
10 sensitivity over detectors of the prior art. 

According to a fifth aspect of the invention a Hybrid Photo Diode (HPD) detector is provided, 
comprising a vacuum containment, said vacuum containment having a flat entrance window 
at a top and a base at a bottom opposite to said top; a semi-transparent visible light bialkali 

15 photocathode deposited inside the vacuum containment at said top parallel to said entrance 
window, a semiconductor sensor mounted inside the vacuum containment on said base, said 
semiconductor sensor comprising segments; a self-triggering electronic circuitry for reading 
out each of said segments separately, being mounted inside said vacuum containment at said 
base; an electron optic providing a 1:1 imaging of charge particles from said semi-transparent 

20 visible light bialkali photocathode onto said semiconductor sensor. 

The Hybrid Photo Diodes detector according to the invention exhibits a light sensitive detec- 
tor with very good linearity with respect to the amount of light detected as well as a very good 
position sensitivity of the light impinging on its entrance window. By including the triggering 
25 electronic circuits within the vacuum containment a low noise read out is provided. The HPD 
detector according to the invention is especially suited for coincidence detection schemes due 
to the fact that each segment can be read out separately and that the triggering electronics are 
self-triggering. 

30 Drawings 

Exemplary embodiments of the invention are illustrated in the drawings and are explained in 
more detail in the following description. 
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In the figures: 

shows a schematic top view of an embodiment of a detector module for a PET; 

is a schematic representation of a side view of the detector module for a PET 
according to figure la, 

is a schematic drawing of a Hybrid Photo Diodes (HPD) detector; 

is a graph displaying the energy of a Compton scattered photon versus the 
scattering angle; 

is a three-dimensional graph of the cross section for a Compton scattered pho- 
ton has a function of the initial photon energy and the scattering angle accord- 
ing to the Klein-Nishina-foimula; 

illustrates a schematic view of a sector of an embodiment of a PET ring scan- 
ner. 

20 Figure la displays a top view of a schematic drawing of a detector module 1 according to the 
invention. Said detector module 1 comprises scintillator crystals 2 arranged in a regular ma- 
trix 3. The scintillator crystals 2 are of longitudinal shape. The preferred dimensions of each 
of said scintillator crystals 2 are: 3.2 x 3.2 x 100 mm 3 . Said scintillator crystals 2 of 100 mm 
length can be made by joining two or three shorter scintillator crystal segments with a glue of 

25 an appropriate refractive index. All surfaces of said scintillator crystals 2 are polished. The 
scintillator crystals 2 are equally spaced in said regular matrix 3. A preferred gap between 
each of said scintillator crystals 2 is 0.8 mm. Said gaps between said crystals 2 allow the in- 
sertion of blinds, for example, black paper, to prevent light being transferred from one of said 
crystals 2 to another of said crystals 2. Said scintillator crystals 2 are oriented parallel to each 

30 other and such, that midpoint of said scintillator crystals 2 are all lying in a plane. 

Gamma rays yi, j2 interacting with said scintillator crystals 2 by photo effect (yi) or by 
Compton scattering (y2) create photons in said scintillator crystals 2. The number of photons 
produced in such an interaction is proportional to the amount of energy deposited in said 



Fig ure la 
5 Figure lb 

Figure 2 
10 Figure 3 

Figure 4 
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Figure 5 
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scintillator crystals 2. The wave length of the photons created in said scintillator crystals 2 is 
usually in the visible spectral range. Preferred scintillator crystal materials are Cerium doped 
Yttrium Aluminum Perovskite (YAP:Ce) and Cerium doped Lutetium Oxyorthosilicate 
(LSO:Ce). Both materials have very good physical characteristics. LSO:Ce has the advantage 
5 of a larger effective atomic number Z = 65 which leads to a higher probability for gamma 
conversion by photoelectric effect and therefore to a better detection efficiency. YAP:Ce 
crystals are easier to fabricate and therefore cheaper to manufacture or buy. The physical 
properties of YAP:Ce crystals are shown in table 1. Another preferred crystal material is 

a 

LuAP:Ce. 

10 



Density p (g/cm 3 ) 


5.55 


Effective atomic charge Z 


32 


Scintillation light output (photons / MeV) 


18000 


Wavelength of max. emission (nm) 


370 


Refractive index n at 370 NM 


1.94 


Bulk light absorption length L a (cm) at 370 NM 


14 


Principal decay time (Ns) 


27 


mean y attenuation length at 51 1 keV (mm) 


22.4 


mean y absorption length at 5 1 1 keV (mm) 


60.5 



Table 1: Main characteristics of YAP:Ce scintillating crystals 



The light produced by the interaction of said gamma rays y\ 9 y2 with said scintillator crystals 2 
15 propagates through the scintillator crystals 2 by total internal reflection from said polished 
surfaces of said scintillator crystals 2. Said visible light produced in the interaction of said 
gamma rays yi, yi with said scintillator crystals 2 propagates through said scintillator crystals 
2 towards entrance windows 4, 5 of a first and a second light sensitive detectors 6, 7. The 
solid angle of light accepted, which is determined by the pair of refractive indices at interfaces 
20 between said scintillator crystals 2 and said entrance windows 4, 5 of said lights sensitive de- 
tectors 6, 7 is 40 % of 4 n towards both sides. The ends of the crystals can be polished in a 
spherical shape resulting in a light focussing affect. 

Photons passing through said entrance windows 4, 5 of said light sensitive detectors 6, 7 are 
25 transformed into electrons in the photocathode. These electrons are accelerated at 12 keV and 
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imaged in a 1 :1 imaging onto position sensitive semiconductor sensors 8, 9 as is indicated by 
arrows 10. Said semiconductor sensors 8, 9 are energy sensitive, i.e., the signal produced is 
proportional to the amount of detected charge created in the said sensors preferably made of 
Si, The exact setup and ftinction of said light sensitive detectors 6 9 7 will be described with 
reference to figure 2 below. 

It is preferred to choose the number of crystals in said matrix 3 in combination with the di- 
mensions of said scintillator crystals 2 such that the total length of material along one direc- 
tion denoted, for example, by y amounts to about three times the attenuation length for pho- 
tons of a preferred photon energy to be detected. For a Positron Emission Tomograph detector 
this preferred gamma photon energy is 51 1 keV. Referring to the characteristics given in table 
1, above, and said preferred scintillator crystal 2 dimensions of 3.2 x 3.2 x 100 mm 3 said ma- 
trix 3 comprises eight layers of crystals 2 along said y direction. As exhibited in figure lb a 
preferred embodiment of said detector module 1 comprises 18 layers of crystals 2 along a 
direction x perpendicular to said y direction. The matrix 3 can contain any suitable number of 
crystals 2 depending on their dimensions. The matrix 3 can also be stonewall patterned. 

Whereas gamma ray fi undergoes a photo effect upon interaction with a first scintillator 
crystal 1 1 of said scintillator crystals 2 and produces light only within said first scintillator 
crystal 1 1 the gamma ray yi first interacts with a second scintillator crystal 12 of said scintil- 
lator crystal 2 undergoing a Compton scattering prior to being absorbed by a photoelectric 
effect within a third scintillator crystal 13 of said scintillator crystals 2. Therefore, one re- 
ceives for the conversion of a gamma ray by photoelectric effect light in one of said scintilla- 
tor crystals 2, for example in said first scintillator crystal 11. For a gamma ray y 2 undergoing a 
Compton scattering prior to a photoelectric effect conversion one yields light in two different 
scintillator crystals 2 for example in said second scintillator crystal 12 and said third scintil- 
lator crystal 1 3 of said scintillator crystals 2. 

Figure 2 illustrates a schematic drawing for a light sensitive detector according to the inven- 
tion. Such a light sensitive detector is also called Hybrid Photo Diodes (HPD) detector. Said 
light sensitive detector 6 comprises a vacuum envelope or containment, comprising an en- 
trance window 4 at the top, side walls 21, and a base 22 at the bottom. The entrance window 4 
is preferably made of sapphire. The base comprises a ceramics printed circuit^Wg^^Inside 
said vacuum containment parallel to said entrance window 4 at the top a semi-transparent 

RECTIFIED SHEET (RULE 91) 
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visible light bialkali photocathode 23 is deposited. The semi-transparent visible light bialkali 
photocathode 23 exhibits a quantum efficiency of about 25 % at a wavelength of 370 nm. 
Within the vacuum containment an electron optics is contained for "proximity focussing", i.e., 
a 1:1 imaging of the photon pattern on said photocathode 33 onto a semiconductor sensor 8 
5 disposed on said base 22. The electron optic comprises ring electrodes 24, 25. 

The semiconductor sensor 8 is a silicon sensor. The silicon sensor 8 is segmented into indi- 
vidual diodes of dimensions matching the pattern of said crystal matrix 3 according to figure 
la, lb. A potential difference between said semi-transparent visible light bialkali photocath- 

10 ode 23 and said semiconductor sensor 8 determines the amount of electron-hole pairs created 
in the bulk of the silicon sensor by one photoelectron impinging on said silicon sensor 8. A 
preferred potential difference of about 12 keV leads to the creation of about 3000 electron- 
hole pairs. In other words, the internal gain of the light sensitive detector 6 at 12 keV is about 
3000. The point spread function, which describes the Gaussian width of the charge distribu- 

15 tion on said semiconductor sensor 8 for a point like light source, is of the order of 0.3 mm for. 
Therefore, a segmentation of the diodes with dimensions 4x4 mm 2 is a preferred segmenta- 
tion to match the pattern of the crystal matrix with crystals of the dimension 3.2 x 3.2 x 100 
mm 3 . It is essential that at least one diode corresponds to each of said crystals 2 in said matrix 
3 according to figure la, lb. For the embodiment described herein, the precise spacing of the 

20 crystals is insured by 0.8 mm thick stainless steel wires (not displayed) which are strung be- 
tween the crystals close to said two sides of said matrix 3. 

Within said vacuum containment self triggering electronics are mounted on said base 22. It is 
possible to use the VLSI chip VATA-GP produced in 0.6 \i AMS CMOS Technology for said 

25 semiconductor sensor 8. Each of the 128 channels of this chip has a charge integrating pream- 
plifier, a shaper with a tunable shaping time x s = 150 ± 50 ns and a readout register. A parallel 
fast shaper circuit (x s = 35 ns) produces a trigger signal for the read out logic. The chip fea- 
tures also a sparse readout option which allows to achieve event rates in the order of 100 kHz. 
The single photon detection efficiency of said light sensitive detector 6 with this electronics is 

30 expected to be 93 %. 

The matrix 3 of scintillator crystals 2 and the two light sensitive detectors 6, 7 form a detector 
module 1 which is protected by a thin cover (not displayed) against external light. 
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In the following section the method for reconstruction the point of interaction of a gamma ray 
within said detector module 1 of figure la, lb will be described. First the determination of the 
point of interaction for a gamma ray yi undergoing a photoelectric effect conversion will be 
treated. The coordinates in an xy-plane are derived from the address of said first scintillator 
5 crystal 1 1 of said scintillator crystals 2. Said xy-plane is the plane defined by all midpoints of 
said scintillator crystals 2 of said detector module 1. The resolutions a y are in first ap- 
proximation determined by the dimensions of said scintillator crystals 2: 




10 with s being the size of said scintillator crystals along said x direction and said y direction in 
said xy-plane. 

In the embodiment described 8-3.2 mm. The spatial resolution of said light sensitive detec- 
tors 6, 7 being Hybrid Photo Diodes (HPD) detectors is matched to this value of said scintil- 
15 lator crystal luminance and will not contribute significantly. Hence the x and y coordinate of 
the point of interaction of the gamma ray yi with said detector module 1 can be reconstructed 
within a precision of better than 2.2 mm (FWHM), hence 1 .5 mm for the positron annihilation 
point. 

20 The bulk absorption length of 14 cm of YAP:Ce crystal for the visible scintillation light pro- 
duced in the interaction of a gamma ray yi with said first scintillator crystals 1 makes it possi- 
ble to use long crystals of for example 100.0 mm length. At the same time said bulk absorp- 
tion length is responsible for the fact, that the amount of said scintillation detected at a first 
end 14 of said scintillator crystal 1 1 depends on the distance of the point of interactive of said 

25 gamma ray yi with said scintillator crystal 1 1 from said first end 14. Therefore, the axial coor- 
dinate z in a direction perpendicular to said xy-plane is derived from the ratio of amount of 
light (= charge) detected at said first end 14 and a second end 15 of said first scintillator crys- 
tal 1 1 being hit. The z-coordinate is given by 



taking an exponential absorption of the light in the scintillor. L is the length of the crystal be- 
ing hit. X denotes the bulk absorption length. Qi is the charge detected at said first end 14 of 




(2) 
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said first scintillator crystal 11 being hit and Q 2 is the amount of charge detected at said sec- 
ond end 15 of said first scintillator crystal 1 1 being hit. Although the light produced as a result 
of said first gamma ray yj undergoing a photoelectric absorption in said first scintillator crys- 
tal 1 1 is nearly isotropic with respect to the initial direction of propagation the amount of light 
5 detected at said first end 1 4 and said second end 1 5 of said first scintillator crystal 1 1 being hit 
differ due to the bulk light absorption of said first scintillator crystal 1 1 . 

By error propagation the precision c z is derived as 



10 




and 

Q = Qi + Q 2 (4) 

To achieve a spatial resolution in the z-coordinate of about 4 mm FWHM the light attenuation 
15 length in the scintillator has to be tuned to a value of 50 to 75 mm by adjustment of the Ce 
doping. 

The total amount of charge 2 detected by said first light sensitive detector 6 and said second 
light sensitive detector 7 can be used to discriminate events induced by photoelectric conver- 
20 sion of a 5 1 1 keV gamma ray from events stemming from gamma rays with different photon 
energies or from Compton scattering events of 511 keV gamma. I.e. only events where the 
total amount of charge Q corresponds to the charge normally deposited by a 511 keV gamma 
ray during a photoelectric conversion are assumed to be valid points of interaction. 

25 Next it will be described how the point of interaction of a gamma ray with said detector mod- 
ule 1 first undergoing Compton scattering prior to undergoing a photoelectric-conversion can 
be determined. Gamma ray y 2 undergoes a Compton scattering in said second scintillator 
crystal 12. In the scattering process the gamma ray deposits a variable amount of energy in 
said second scintillator crystal 12 and changes its direction of propagation. Figure 3 illustrates 

30 the Compton kinematics. The energy of the scattered photon verses the scattering angle (rad) 
is displayed. As can be inferred from figure 3, the incoming gamma ray y 2 can be scattered 
into the full solid angle. Figure 4 displays the Compton scattering cross section y 2 as a func- 
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tion of the initial photon energy and the scattering angle. The scattered photon interacts with 
said third scintillator crystal 13 by photoelectric-conversion. In order to differentiate between 
the Compton scattering process and the photo conversion process it is necessary to eliminate 
all processes in which said gamma ray 72 is not scattered into a forward hemisphere. A details 
analysis shows that a Compton scattering angle can be restricted to 0 ^ 9 ^ 60° (i.e. to scat- 
tering process into said forward hemisphere), if the energy deposit in the first interaction, seen 
from the origin, where the gamma ray y 2 originates from, i.e. in said second scintillator crystal 
12, is below 170 keV (for a gamma ray of 51 1 keV). 60 % of all event fall in this category. 

In a Positron Emission Tomograph scanner system the origin of the gamma ray yi is to be 
determined. Therefore, the point of interaction of the Compton scattering process is the one of 
interest. The determination of the coordinates of the point of interaction of the gamma ray yz 
with said second scintillator crystal 12 is performed as described above for the photoelectric- 
conversion process. Regarding the validity of these coordinates extra requirements have to be 
met. First the total amount of charge Q = Qi + Q2 detected for said second scintillator crystal 
12 must correspond to an energy deposition of less than 170 keV (for a y of 51 1 keV). Second 
another scintillator crystal of said scintillator crystals 2 has to be been hit, i.e. the third scin- 
tillator crystal 13 has to be been hit. Since the scattered gamma ray 72 is propagating with the 
speed of light the signals from said second scintillator crystal 12 and said third scintillator 
crystal 13 are detected simultaneously, i.e. within a coincidence interval. Third the amount or 
charge detected from said third scintillator crystal 13 needs to amount to the energy difference 
between the energy of the gamma ray 72 (51 1 keV) and the energy deposited by the Compton 
scattering process in said second scintillator crystal 12. The fourth requirement is that the 
third scintillator crystal 13 is distanced further from the origin of the original gamma ray y 2 
than said second scintillator crystal 12, i.e. in a Positron Emission Tomograph scanner as de- 
scribed below said second scintillator crystal 12 needs to be closer to a center of said Positron 
Emission Tomograph scanner than said third scintillator crystal 13. In case all these four re- 
quirements are satisfied at the same time, the coordinates determined in said second scintilla- 
tor crystal 12 in which the Compton scattering process took place are regarded as valid coor- 
dinates. 

Figure 5 shows a section of an axial view of a Positron Emission Tomograph ring scanner of 
40 cm in a diameter. In total 24 detector modules 1 (of which 5 are shown) are arranged alter- 
nating on a first circle 51 and a second circle 52 being concentric to an axis 53 perpendicular 



WO 2004/008177 PCT7EP2002/007967 

13 

to the plane of drawing. This total number of 24 detector modules 1 is required to provide a 
full crack free coverage of the circumference. The individual detector modules 1 are oriented 
such that the scintillator crystals 2 are parallel to said axis 53. Further all midpoints of said 
scintillator crystals 2 lie within a plane perpendicular to said axis 53. At axis 53 coincides 
5 with the z directions of the coordinate systems being associated with each of said detector 
modules 1. The y directions of said coordinate systems being associated with each of said 
detector modules 1 each point in a radial direction outward from said axis 53. 

Due to the large length of said scintillator crystals 2 (10 cm) the PET ring scanner according 
10 to figure 5 has a large Axial Field of View (AFOV). 

The advantage of this Positron Emission Tomograph (PET) scanner is that the origin of the 
two gamma quanta emerging from the annihilation process of a positron with an electron can 
be reconstructed without a parallax error. This is due to the fact that the point of interaction of 

15 both of said gamma quanta can be determined with a high precision in all 3D-coordinates. 
Furthermore, the ability of said detector modules 1 to determine the point of interaction for 
events in which a Compton scattering happens prior to the photoelectric conversion increases 
the detection probability drastically. For detector modules made with YAP:Ce crystals, as 
described above the detection probability for the photoelectric conversion of a 511 keV 

20 gamma ray is only sf*"* 0 = 4%. Hence the probability to convert both of said gamma quanta 

each having 511 keV by photoelectric effect is low ((s/ 7 * 0 ' 0 ) 2 ). The gamma reconstruction in 

full 3D and the large detection volume allow however to take into account a substantial frac- 
tion of events which underwent Compton scattering as mentioned above. The total energy is 
reconstructed by summing up the energy to all of said scintillator crystals 2 hit. To unambigu- 

25 ously distinguish between the coordinate of the primary Compton interaction (the one to be 
used in the tomographical reconstruction algorithm) and the coordinate of the final absorption 
of the scattered photon y 2 one has to restrict to events in which the photon is scattered into the 
forward hemisphere, as has been pointed out before. The criterion for this forward hemisphere 
scattering is, that the energy deposit in the first interaction seen from the center of the Posi- 

30 tron Emission Tomograph (PET) scanner is below 170 keV for a 51 1 keV gamma ray. As 60 
% of all events fall into this category the detection probability of one gamma ray involving 
both Compton and photoelectric effect is hence 
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€ Co mp ton = Q g m € pHoi 0 = 2 4% (5) 

The probability ^ £ of the coincident Compton enhanced detection of two 511 keV gamma 
quanta becomes 

= 2 • s^' 0 * - ^ 0/0 + (ef 0 *"") 2 + (*/*°'°) 2 
= 2(0.6.^)-^ +(0.6^; Aoto ) 2 Hff*) 2 (6) 
= 0.41% 

Therefore, the sensitivity is improved roughly by a factor 



^^~y~ 2 > 6 (7) 

For crystal, material with higher effective Z (e.g. LSO) the detection probability for the pho- 
toelectric conversion of 511 keV gamma ray is higher, and consequently the sensitivity im- 
provement using Compton scattered events will be smaller than a factor 2.6.This enhancement 
can be considered as conservative estimate, since the increase of the photo-conversion prob- 
ability at low gamma energies (Ey < 5 1 1 ke V) has been neglected. 

For a Positron Emission Tomograph (PET) detector an enhanced signal to noise ratio is pro- 
vided. The PET scanner is equipped with a read out logic which requires to orthogonal mod- 
ules to fire within a coincidence time of t M s = 10 ns which is defined by the monostables of 
the VATA-GP3 chips used in the Hybrid Photo Diodes (HPD) detectors described above. A 
random coincidence rate Nf is given by 

N F =2r MS .N r N 2 (8) 

where Ni >2 are counting rates of two opposite detector modules 1. Requiring less than 1 % 
random coincidences and assuming Ni = N 2 = N limits the counting rate of one of said oppo- 
site detector modules 1 to 500 kHz. Taking into account the solid angle defined by one de- 
tector module (AQ/4n « 0.87 %) this translates to maximum activity A max of the positron 
source 

4™ = = 57 MBg = 1 .55mCi (9) 
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which is comparable to the activity regulated by the international protocols for PET imaging. 
However as a result of the Compton enhanced reconstruction a better signal to noise ratio for 
the same activity or, in other words, a PET image with higher contrast is achieved. 

5 Finally several performance considerations regarding the detector modules shall be discussed. 

The total number of detected photons Ndet detected at both ends, said first end 14 and said 
second end 1 5, of said first scintillator crystal 1 1 hit by a gamma ray is 



10 N dci =N ph e c -e Q 
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25 



\ 



(10), 



where the number of generated scintillation photons N P h, following the absorption of a 
511 keV gamma quantum, is 0.51 1 MeV " 18.000 MeV" 1 = 9200, the light transport efficiency 
6 C , ignoring bulk absorption, is 0.8 over the whole length of the crystal, a quantum efficiency 
6q at the wavelength 355 nm is 0.25, X denoted the bulk absorption length, and z is the dis- 
15 tance of the interaction point measured from one of said first end 14 and said second end 15 
of said scintillator crystal 1 1 with total length L. 

Restricting to gamma reconstruction by photoelectric effect only, for a 51 1 keV gamma one 
finds 



=1560.| e He A | (11), 



For an attenuation length of X = 75 mm N<j e t varies from 795 photons at z = 50 mm to Ndet = 
980 for y hitatz=0. 

The energy resolution R = AEfwhm/E is the quadratic convolution of three sources 
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The intrinsic resolution Rs C i of the scintillator crystal due to material inhomogeneity, coupling 
between scintillator crystal and light sensitive detector and non-linear energy response has 
been measured to be 2.5 %. 

5 Rstat represents the statistical fluctuation involved in the light generation and detection proc- 
ess, including the light sensitive detectors 6, 7. R M = 235/y]N ddl . The single stage dissipa- 

tive gain mechanism for the Hybrid Photo Diodes (HPD) operated at 12 kV leads to a negligi- 
ble contribution to Rstat- 

10 Also the electronic noise Rnoise of the detection chain is very small compared to the other two 
terms. 

In summary, the energy resolution is nearly independent of the axial coordinate (z coordinate) 
and can be approximated by 

15 

**J?^ =^«8%.|-^— (13) 
henceR«8%(FWHM)atE y = 511 keV and« 18 % atEy= lOOkeV. 

The electronic noise of the VATA-GP electronics is of the order of 500 e" ENC (Equivalent 
20 Noise Charge). A dynamic range of a Hybrid Photo Diodes (HPD) electronic read out chain 
has to be 80. This is driven by 

the expected maximum number of photons: ca. « 1000 for the conversion of a gamma 
quantum with 511 keV energy close to one of said first and said second ends of said 

25 scintillator crystals 2; 

and the detection threshold of the fast triggering circuit used for the timing: a threshold 
corresponding to five photons is assumed, which is equivalent to an energy deposition of 
6.4 keV or 15.000 e" created in said semiconductor sensors 8, 9 made of silicon. The de- 
tection threshold of 15.000 e" provides very comfortable and clean working conditions as 

30 it is a factor 30 above the electronics noise. The time walk of the fast trigger circuit be- 

tween a gamma quantum at 51 1 keV (1000 photons) and a gamma quantum at 50 keV 
(200 photons) can be estimated in first approximation: 
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\ JW SllkeV iy 50keVj 

with a peaking time T pea k of 35 ns at time walk At of less than 4 ns is detected, which is com- 
parable to classical photomultiplier tube (PMT) based systems. 

In conclusion the segmentation of the detector volume in small scintillator crystals and the 
matched segmentation of said semiconductor sensors of said HPD provide the required reso- 
lution in said xy-plane. The z coordinate is derived with high precision from the asymmetry of 
the amounts of light detected at said ends of said scintillator crystals 2. Hence the interaction 
of a gamma ray yi, yi is reconstructed in full 3D without any parallax error irrespective of the 
511 keV gamma emission point. 

The high light output of the scintillating crystals 2 combined with the excellent energy reso- 
lution of the HPD detectors results in a good energy measurement required for background 
discrimination. The short decay time constant of the scintillation light and the fast triggering 
output of the HPD readout electronics allow to define short coincidence intervals, which fur- 
ther reduces accidental background. The combination of 3D reconstruction of the gamma in- 
teraction point with the good energy resolution and the large detection volume provides an- 
other unique feature: in addition to the reconstruction of gammas by photoelectric effect, also 
a significant fraction of events which undergo single Compton scattering can be detected 
without degraded performance. This Compton enhanced mode increases very significantly the 
sensitivity of a detector module 1 as well as of a Positron Emission Tomograph ring scanner. 

The light sensitive detector (HPD) according to the invention includes a novel feature, which 
consists of double-metal silicon pad sensors combined with self-triggering front-end elec- 
tronics. This concept allows to read out pixilated silicon sensors with relatively large pad di- 
mensions, as used in the above described PET detector, at the periphery of the silicon sensor. 

The HPD according to the invention uses a ceramic envelope. This allows to use a very thin 
sapphire or diamond window to avoid spreading of the photons over many pads. 

The HPD according to the invention uses a method, a non evaporative getter chemical pump 
to keep the ultra high vacuum over long periods of time. 
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The features disclosed in the foregoing description, in the claims and/or in the accompanying 
drawings may, both separately and in any combination thereof, be material for realising the 
invention in diverse forms thereof. 



